Abstract-Different scaffolds have been designed for ligament tissue engineering. Knitted scaffolds of poly-L-lactic acid (PLLA) yarns and co-polymeric yarns of PLLA and poly(glycolic acid) (PLGA) were characterized in the current study. The knitted scaffolds were immersed in medium for 20 weeks, before mass loss, molecular weight, pH value change in medium were tested; changes in mechanical properties were evaluated at different time points. Results showed that the knitted scaffolds had 44% porosity. There was no significant pH value change during degradation, while there was obvious mass loss at initial 4 week, as well as smooth molecular weight drop of PLLA. PLGA degraded more quickly, while PLLA kept its integrity for at least 20 weeks. Young's modulus increased while tensile strength and strain at break decreased with degradation time; however, all of them could maintain the basic requirements for ACL reconstruction. It showed that the knitted polymeric structures could serve as potential scaffolds for tissue-engineered ligaments.
INTRODUCTION
Ligaments are parallel bands of dense connective tissue fibers that mediate normal joint movement and stability. Injury to these structures may result in significant joint dysfunction, which may consequently lead to injury of other tissues and the development of degenerative diseases of the joints. Reconstruction of anterior cruciate ligament (ACL) is the most challenging aspect in all human ligaments. The poor healing capacity of ACL has led orthopedic surgeons to perform ACL reconstructions rather than repairs, using autografts, allograft, or occasionally artificial ligament replacements. All of them have their own drawbacks, including donor site morbidity, inflammatory reaction, chronic foreign body inflammation and particulate-induced synovitis [1, 2] .
Research on biodegradable prostheses for ACL reconstruction has been active with the hope of overcoming these problems. The ideal way is to mimic the normal ACL structures in mechanical properties and gradually transfer mechanical strength to regenerated collagen bundle while degrading [3] . One of main challenges is to fabricate biodegradable scaffolds with mechanical properties matched with normal ACL in terms of strength, compliance, elasticity and durability, not only at initial stage, but also at scaffold degradation and ACL regeneration process. Though bulk structure has been tested for ACL reconstruction [4] , most of studies use textile structures. Parallel structure is the simplest way to organize the fibers. However, the lack of interaction between fibers restricts its application. Twisting grafts are morphologically closer copies of the normal ACL and can eventually reduce and fine-tune the peak forces in extension [5, 6] . Due the complexity of the ACL mechanical environment, more complex textile structures have been used in ACL reconstruction, for examples, woven, knitted and braided.
The properties of textile grafts depend on the characteristics of the constituent yarns or fibers and on the geometry of the formed structure. In general, braided scaffolds are usually dimensionally very stable and have high strength and fatigue life, but are less extensible and have limited tissue in-growth due to the low porosity [7] . Braided PLLA ligament augmentation devices have been used for ACL reconstruction in a sheep model [8] . However, the pore size of the braided structures can be regulated by yarn bundle size and braiding angle [9] . Compared with braided fabrics, knitted structures are highly porous, which supports tissue in-growth. It has been reported that the knitted construction of Dacron promotes more in-growth of fibrous tissue than braided Gore-tex prosthesis [10] . Furthermore, knitted PLGA scaffolds have been successfully used in tendon repair [11] .
Since collagen accounts for more than 80% of the dry weight of a normal ligament [12] , it is reasonable to reconstruct ACL with it. Collagen is the best candidate for reparative cells (fibroblasts) and progenitors cells' adhesion, proliferation and differentiation, as most of material surface modification are based on collagen (or derivatives) coating [13, 14] and Arg-Gly-Asp (RGD) sequence attachment which is abundant in collagen [15] . So far the most matured ACL regeneration is reported from collagen-based ACL regeneration [4, 16] . However, high cost, batch to batch variability, hydrophilicity, complex handling properties, potential immuno-response and disease transmission are existing disadvantages [17] . The extraordinatory mechanical properties and enhanced environmental stability of silk fibers make fibroin (core of silk) suitable for ligament tissue engineering [6, 18] . Though good biocompatibility has been reported, sericin (glue-like protein in silk) remains a concern if not totally removed. So far, there is no in vivo study reported, and further experiments are necessary to ensure its safety.
Except for biocompatible and degradable, the materials used in ACL reconstruction should be slowly degradable, as ACL regeneration and subsequent functionality usually needs at least six months [19] . Good cell affinity of materials is critical for regeneration in initial stage, when reparative cell and/or progenitor cell continuously grow in, attach, proliferate and differentiate. At later stage, when materials have been well covered and coated with cells, extracellular matrix and proteins, importance of good cell affinity of materials decreases. Based on these considerations, rapidly degradable PLGA was adopted due to good cell affinity [20] , while slowly degradable PLLA could maintain scaffolds' integrity and mechanical properties for a longer time. Both PLLA and PLGA have been well used in many biomedical researches for their safety, ease of processing and good biocompatibility [21] . In the current study, we try to design two-phase degrading structures that meet the basic requirements for ACL reconstruction and characterize them during in vitro degradation.
MATERIALS AND METHODS

Fabrication of knitted structure
PLLA yarns (multifilament, non-braided, 30 filaments, each filament between 15 and 20 µm in diameter, denier 83) were from Scaffix International (USA). PLGA yarns (ratio of PLA and PGA co-polymer is 10 : 9, 12 filaments per yarn, each filament between 15 and 35 µm in diameter, denier 50-60) were from Shanghai Tianqing Biomaterial (China). The scaffold was knitted using two PLLA yarns and 1 PLGA yarn with four needles in a knitting machine (SK270, Silver Reed, Suzhou Harisa Machinery, China). The two ends of each 4-cm-long knitted structure were sealed with heat. The scaffolds were washed twice with PBS and then sterilized by immersing in 70% alcohol for 30 min. Subsequently, the scaffolds were immersed in 3 changes of PBS for 15 min before use.
Porosity
The porosity of the knitted scaffolds was estimated by deduction of cross-sectional areas of individual PLLA yarns and PGLA yarns from the gross cross-sectional area of the scaffold. The knitted scaffolds, PLLA yarns and PGLA yarns were fixed under slight tension (approx. 5 N) before the diameter was measured under phase contrast microscope. The following formula was used to calculate the porosity of the scaffolds:
where PLLA area is the sum of all cross-sectional areas of PLLA yarns, PLGA area is the sum of all cross-sectional areas of PLGA yarns and scaffold area is the cross-sectional area of the entire scaffold.
Molecular weight
Each sample (1 µg) was dissolved in 2 ml chloroform (i.e., concentration of sample is around 0.05%) before molecular weights were determined by gel-permeation chromatography (GPC, Waters, USA) at an elution rate of 1 ml/min at 25
• C (column: Shodex K-806M, Japan). 100 µl was analyzed at each time with polystyrene as the standard. Mean values at each time point were compared with one-way ANOVA, LST, P < 0.05.
Mechanical properties of the scaffolds
The two ends of the scaffolds were sandwiched between pieces of sand paper and secured by superglue (Alteco 110, Alteco Chemical, Singapore) to prevent slippage of the scaffolds between the pneumatic grips used in the tensile test. The scaffolds had a gauge length of 20 mm. The tensile properties were measured with the Instron 5848 Micro Tester at a constant strain rate of 0.8%/s. The viscoelastic properties were studied by carrying out relaxation and creep tests. In both viscoelastic tests, a pre-load of 0.2 N was first applied before pre-conditioning the scaffolds for 10 cycles at a frequency of 0.1 Hz and amplitude of 2% gauge length. The scaffolds were then stretched to 2.5% strain for relaxation tests, 1.5 N load for creep test and held at the respective strain and load values for 900 s. The strain and load levels selected for the viscoelastic tests correspond to the range of strain experienced in vivo [22] . The values of stress were obtained by dividing the load by the crosssectional area of the scaffold. The first linear region (i.e., at lower strain levels) was used for determination of modulus. The normalized stress relaxation rate is obtained by finding the slope of the normalized stress vs. ln(t) strain plot. The normalized stress is obtained by dividing the stress values by the initial stress immediately after the initial 2.5% strain has been applied (i.e., stress at time zero). The logarithmic operation on the time axis transformed the inherently nonlinear relation in load decay vs. time into a linear relation such that a simple linear regression could be used to determine the rates of relaxation [23] . The cross-sectional area of the scaffold was taken to be the sum of cross-sectional areas of the individual filaments measured under an optical microscope. The strain values were obtained by dividing the elongation by the gauge length of the specimen.
In vitro degradation
Knitted scaffolds were immersed in 1 ml of culture medium in 15-ml centrifuge tubes. The systems were incubated at 37
• C, 5% CO 2 , while medium was changed weekly. The pH values from three centrifuge tubes were measured as a group, using a pH meter (Coring PH meter 430). Eight of nine replicates were used at each time point (3 for mass loss followed by GPC and 5 for mechanic tests). The scaffolds were immersed for 4, 8, 12, 16 and 20 weeks, and then 3 replicates were lyophilized, weighed and analyzed using GPC while 5 replicates were used in mechanical tests.
RESULTS AND DISCUSSION
The acquired knitted scaffolds of PLLA and PLGA were blue porous, cord-like structures with in a gross diameter of about 1 mm (Fig. 1) .
Porosity
The porosity of the knitted scaffolds was 44% (Table 1) . It is important that tissue engineering scaffolds have sufficient porosity to accommodate tissue regeneration and nutrient exchange following implantation. It is advantageous to have a polymer construct with a large surface area-to-volume ratio [24] , as such a construct provides a conduit for uniform cell delivery and development of high cell density. One of the criteria for an ideal scaffold was that the porosity should be at least 90% in order to provide a high surface area for cell-polymer interactions, sufficient space for extracellular matrix (ECM) regeneration and minimal diffusion constraints during in vitro culture. However, with regards to in vivo biodegradation, scaffolds with low porosity (relatively with low surface to volume ratio) can possibly be of more advantage, as the slow degradation will keep the integrity of the original constructs longer, as hydrolysis of both PLLA and PLGA starts from surface [25] . In order to comply with these two considerations, the porosity of 44% (current knitted structures) was used.
In vitro degradation
During the 20-week immersion period, the pH value of the immersing medium remained at 7.4, but dropped slightly below 7 at week 3 ( Fig. 2) . In general, the trace amount of acidic degradation products, mainly polymers of lactic acids and glycolic acids, will not interrupt the internal human environment by the abrupt drop in pH value, as they are rapidly cleared [26] . There should be no significant decline in pH value in vivo at week 3, as the degradation products are continuously cleared, unlike our in vitro experiments. The drop of pH value at week 3 was possibly due to quick degradation of PLGA. The mass of the knitted structures decreased with time as predicted following immersion (Fig. 3) . Two statistical significances have been observed, between initial weight and all remaining groups, as well as between 4 and 20 weeks (oneway ANOVA, LSD, P < 0.05). The first significant difference could possibly be attributed to relatively quick degradation of PLGA, which was justified by loss of blue color of the scaffolds at the initial stage (Fig. 4) and the pH value drop at week 3. The second significant difference is also reasonable. As mass loss of the scaffolds started gradually, it became apparent at 20 weeks. PLGA yarns degraded faster than PLLA yarns, as the blue PLGA yarns were not visible at 8 weeks. The molecular weights of PLLA at different immersion durations were measured. As the rapidly degrading PLGA was essential to promote potential tissue in-growth at the initial stage of implantation, as well as to provide space for regeneration at later stage, its molecular weight was not examined. Furthermore, for PLLA, being the backbone of our scaffold, its degradation and deterioration rate were critical. PLGA did not dissolve in chloroform, which was used to dissolve PLLA for the GPC test. Hence the presence of PLGA would not interfere with the analysis of the molecular weight of PLLA. There was a descending trend in molecular weights of PLLA with time (Fig. 5) . The drop in molecular weight usually started earlier than mass loss [3] . However, there was no statistical significance until week 12, possibly due to small differences between different groups. The further decline in molecular weight at 16 and 20 week attributed to the statistical significance between them and other groups (one-way ANOVA, LST, P < 0.05).
The main parameters which influence the polymer biodegradability are polymer crystallinity, hydrophilicity, composition and form of the product. PLLA degrades by backbone breakage caused by water penetration. This can be rephrased as 'the hydrophilicity of the polymer is increased so is its biodegradability', because the solvent in the biological media is basically water with a high salt content [25] . Slow degradation of semi-crystalline PLLA due to relatively hydrophobic property attributed to its usage in the potential ligament tissue-engineered structures.
For tissue engineering, the ability to control the degradability of the biomaterials is critical in order to achieve its objective. The ideal rate of degradation should not exceed the rate of tissue regeneration, especially with regards to mechanical strength. In spite of the large number of investigations dealing with PLA, PGA and their co-polymers, they still degrade in varying rate when implanted at various locations and under different mechanical stimulus. Recent data obtained from in vitro ageing experiments under physiological conditions show that initial and subsequent morphology changes are very important factors in the determination of the degradation behaviors of these polymers [27] . Hence, this current study on degradation of knitted structures is meaningful.
The in vitro degradation experiment design described in this paper was based on ISO standard 13781, 'Poly(L-lactide) resins and fabricated forms for surgical implants -in vitro degradation testing', with small revisions. Cell-culture medium was used instead of standard soaking solution, as current structures should possibly 
Mechanical test of scaffolds
Tensile properties. The stress-strain behavior of the scaffold displays the characteristic toe, linear, yield and failure regions that are typically found in stress-strain curves of tendons and ligaments [22] , as shown in Fig. 6 . The modulus decreased at 4 weeks and then increased with degradation time (Fig. 7a) and the ultimate tensile strength and strain decreased with degradation time (Fig. 7b and 7c) . This trend has also been observed in other in vitro degradation studies as well [28, 29] , while the initial decrease at 4 week could be attributed to quick loss of PLGA yarns. The increase in crystallinity during degradation at the amorphous regions are first hydrolyzed which resulted in a higher Young's modulus with degradation time [29, 30] . The increase in mass loss and simultaneously decline in molecular weight, resulted in more defects within the scaffold and thus the reduced ultimate tensile strength and strain.
The initial reduction in Young's modulus and increase in ultimate strain between week 0 and week 4 indicated that the scaffold became less stiff and more ductile, possibly due to degradation of PLGA fibers which are stiffer and less ductile than PLLA. This trend is contrary to that observed at subsequent degradation time points. The combined effect of immersion at an elevated temperature of 37
• C in the medium could have resulted in some structural changes of the scaffold before the effects of hydrolysis became significant. The Young's modulus of the scaffold at various durations of immersion in the medium ranges from 146% to 238% of the value reported for human ACL [31] . In general, the Young's modulus value for human anterior cruciate ligament is 111 MPa, ultimate tensile strength is at least 38 MPa [31] , while ultimate mechanical properties of ligaments generally increase during development and then diminish with aging [32] . The ultimate tensile strength before 12 weeks of immersion in medium complies with the minimum reported strength of 38 MPa, while ultimate tensile strength at 16 weeks and 20 weeks account for 95% and 87%, respectively. It is possible that the new ligament tissue regenerated within 12-16 weeks is sufficient to withstand the in vivo stresses as the tensile strength of the scaffold is reduced significantly after 16 weeks. Any compliance mismatch (difference in Young's modulus) between tissue and scaffold could result in failure of the implant [23, 33] . However, the current structures will undergo many procedures, such as cell loading, ECM laying down and subsequent cross-linking, mechanical stimulus in bioreactors, biomembrane wrap, etc. All these procedures would possibly alter the final Young's modulus and ultimate tensile strength. As ultimate tensile strength and Young's modulus of the current constructs were similar with human ACL, they could be a good candidate of scaffolds used in ligament tissue engineering.
The strains at break fell between 19.4 and 32% during the 20-week immersion. There is much controversy about ACL's strain at break, mostly due to the difference of mechanical procedures and standard of failure. Further loading beyond the toe region produces a nearly linear curve when fibers lose their crimp and become parallel. The upper strain limit of this linear region is 2-5% and then collagen fiber failure begins at 7-8% strain [34] . The maximum strain that a ligament can endure before failure is between 12 and 15% [22] . However, a further 20-40% apparent linear region was reported when the properties of whole ligaments were examined [35, 36] . There were several possible artifacts in the testing technique. First, the initial failure of a small number of collagen fibers was not detected, while not affecting the load carrying ability of the ligament as a whole. Second, the measurement of the travel between the grips provides an overestimation of the true tissue strain without high-speed video recording. Third, pre-conditioning to align the individual fibers and different strain rates used in different experiments also contributed to the differences [36, 37] . Current results could almost match that of normal ACL when ligaments were tested as a whole component.
Viscoelastic properties. The stress needed to sustain a constant elongation decreased with time ( Fig. 8) and the strain required to sustain a constant load increased with time ( Fig. 9) , indicative of a viscoelastic behavior under mechanical loading, identical to normal ACLs [36 -38] . Normalized stress relaxation rate of the scaffold obtained from the relaxation test was −0.041 ± 0.009/ ln(s). Normalized strain creep rate of the scaffold obtained from creep test was 0.013 ± 0.001/ ln(s). The purpose of using normalized stress and strain is to eliminate the effect of initial applied strain and stress in relaxation and creep tests, respectively.
The normalized stress relaxation rate obtained (−0.041/ ln(s)) is comparable to that obtained by Donahue et al. [39] in their study of anterior cruciate ligament (ACL) grafts made from bovine digital extensor (−0.038/ ln(s)) and human ham-string tendons (−0.036/ ln(s)). The normalized strain creep rate (0.013/ ln(s)), however, is lower than that obtained although it is of the same order of magnitude. Normalized strain creep rate for bovine digital extensor is 0.029/ ln(s) and that for human hamstring tendons is 0.025/ ln(s). The difference is probably due to the different testing methodologies and the fact that different materials are used (i.e., biological samples vs. polymeric scaffold). However, the proximity of the values indicates that the PLLA/PLGA scaffold is a viable implant for ACL regeneration in terms of viscoelastic behavior.
The past 10 years have seen huge efforts to develop biomaterials that can be considered as 'ideal' scaffolds for cell growth however few have reached clinical efficacy. Regardless of the source or type of biomaterials, they have to be biocompatible and mechanically compatible with native tissues to fulfill their desired role. Few of them have been reported suitable for ligament tissue engineering, especially when both appropriate mechanical properties and general requirements for tissue engineering are required [40] .
CONCLUSIONS
The knitted PLLA/PLGA structures developed in this study can fulfill most of the requirements for prospective candidates for ligament tissue engineering with regards to porosity, degradation rate and mechanical properties. However, more research has to be carried out to improve and revise the mechanical properties of current knitted scaffolds before they can finally been used in clinical practices.
